It is likely that factors other than stenosis severity predispose some atherosclerotic plaques to rupture.
tion of circumferential stress in the plaque than stenosis severity.
Materials and Methods

Design of Models
Ten idealized models were designed to test the effects of plaque geometry on circumferential stress fields in the diseased vessel. All models represented cross sections of typical atherosclerotic human coronary arteries with eccentric intimal plaques. As illustrated in Figure  1 , the artery is modeled as a thick-walled cylinder with an inner radius of 1.8 mm and an outer radius of 2.0 mm. The lumen is modeled as a circular hole of varying radius R with an eccentricity of 0.5 mm with respect to the artery center. Fibrous plaque occupies the region between the luminal wall and the inner wall of the artery. The assumption was made in these idealized models that the fibrous cap was continuous with the fibrous plaque and had the same material properties as the fibrous plaque. In some models, a subintimal lipid pool exists as a 1400 crescent with inner radius a and outer radius 1.75 mm with respect to the lumen center. Only radius R and radius a varied in the 10 models described below. 
Material Properties
Both the plaque and artery are modeled as orthotropic materials with linear elastic properties. Although finite element codes can accommodate nonlinear incremental solutions, little nonlinear biomechanical testing data from atherosclerotic plaque tissue are available. In the absence of reliable nonlinear parameters, the estimates of linear elastic parameters were used. Since these tissues have similar properties in the circumferential (0) and axial (z) directions, which differ from the properties in the radial (r) direction, they belong to a class of orthotropic materials termed "transversely isotropic" with r-0 and 0-z as the principal planes. Therefore, five material parameters completely describe the mechanical properties of the material15: Er, E,, v,,, 'gz, and Gr0. Er and E, are Young's moduli in the r and 0 directions, respectively, where Ei is the ratio of normal stress in the i direction to normal strain in the i direction. vPr and v,z are the Poisson ratios in the r-0 and 0-z planes, respectively, where vij is the ratio of transverse strain in the i direction to imposed normal strain in the j direction: vij1-straini/strainj. Grl is the shear modulus in the r-0 plane, where Gij is the ratio of the i-j component of shear stress to the i-j component of shear strain. Er and Ee, Young's moduli in the radial (r) and circumferential (6) directions, respectively; Gr, shear modulus in the r-0 plane; vro and vOz, Poisson ratios in the r-0 and 0-z planes, respectively, where z is the axial direction.
The selection of material properties for the models is described in Table 2 (Table 3) . The Gr0 shear moduli for plaque and artery were estimated based on a limit argument. The upper bound for Gr, was chosen to be the larger of the elastic moduli E. If Gr0 were greater than EB, then the layers of fibers within plaque or artery would more easily stretch than slide over one another; in the plaque, this is unlikely since the bonds between collagen fibers form a highly rigid structure. The artery wall is less rigid than the plaque, so that higher Gr, relative to E, may be possible.
However, sensitivity analysis demonstrated little effect of increases in Grl for artery on circumferential tensile stress. The lower bound for Gr, was established by modeling plaque and artery as incompressible isotropic materials with E=Er and then solving for Gr=E/3. For plaque, the predicted range was 17 kPa<Gro< 1,000 kPa, and for artery, the predicted range was 3kPa<Gr< 100 kPa. The lipid pool was modeled as a nearly incompressible isotropic material with Young's modulus 1/100 that of the arterial circumferential Young's modulus, as previously described. 13, 23 Mesh Generation and Model Solution All finite element meshes were designed using SDRC I-DEAS software on a DEC Microvax II computer. Regions were defined and then automatically meshed with eight-noded quadrilateral plane-strain elements using a free-meshing algorithm designed to minimize element distortion. The assumption of plane strain was made because the axial dimension of atherosclerotic lesions is on the order of the vessel diameter. Plane-stress models would be more appropriate if axial dimensions were very small relative to the vessel diameter. Models A and E were also analyzed with plane-stress elements (data not shown); these results were not significantly different from those of the plane-strain models. The average element dimension was 0.1 mm. Because of symmetry, only half of the artery and plaque system was analyzed, with nodes along the center line restrained to move only in the r direction and one node on the outer wall of the artery completely restrained. The origin of the r-0 coordinate system was defined as the center of the lumen.
To improve the accuracy of the finite element stress analysis, each mesh was refined by using an adaptive remeshing algorithm. This remeshing algorithm increases the number of elements in regions of high strain energy, providing a more accurate finite element solution. A simplified isotropic shell element model with the artery assigned an E of 100 kPa and v of 0.27 and the plaque assigned an E of 1,000 kPa and v of 0.27 was solved for strain energy in each element. The elements with the top 15% strain-energy gradients were then divided into smaller triangular or quadrilateral elements. Examples of finite element meshes following the adaptive remeshing process are illustrated in the top panels of Figures 2-5 . The refined finite element models with orthotropic linearly elastic material properties and plane-strain elements were then solved using HKS ABAQUS 4.9 software on a CRAY-2 or CRAY X-MP supercomputer. Contour plots of circumferential stress (the bottom panels of Figures 2-5) were displayed using pressure; Er and E,, Young's moduli in the radial (r) and circumferential (9) relative to failure stresses of human atherosclerotic tissues? Preliminary investigations24 and our data (unpublished observations) indicate that the fracture stresses of stable human fibrous caps have a broad range that is generally two to 10 times peak static stresses predicted by finite element analysis (depending on geometry and subintimal structure). Nonulcerated aortic plaques generally do not fracture at tensile circumferential stresses lower than 300 kPa.24 Three important factors may explain why fracture stresses are higher than predicted stresses. First, myocardial infarctions do not occur randomly throughout the day, and it is likely that at least some infarctions are "triggered" by significant elevations in blood pressures, which will increase circumferential stresses. 25 In the linearly elastic model used in this study, increases in mean blood pressure would lead to directly proportional increases in circumferential stress; it is conceivable that large sustained increases in blood pressure could raise stresses into the fracture range. Second, repetitive dynamic stresses will be caused by pulsatile pressure; these dynamic stresses may cause "fatigue" of the plaque. It is also possible that fatigue through repetitive bending of the artery during the cardiac cycle occurs; this mechanism cannot be studied with the plane-strain model. Third, the MODEL G 
